Biodegradable, injectable depot formulations for long-term controlled drug release have improved therapy for a number of drug molecules and led to over a dozen highly successful pharmaceutical products. Until now, success has been limited to several small molecules and peptides, although remarkable improvements have been accomplished in some of these cases. For example, twice-a-year depot injections with leuprolide are available compared to the once-a-day injection of the solution dosage form. Injectable depots are typically prepared by encapsulation of the drug in poly(lactic-co-glycolic acid) (PLGA), a polymer that is used in children every day as a resorbable suture material, and therefore, highly biocompatible. PLGAs remain today as one of the few "real world" biodegradable synthetic biomaterials used in US FDA-approved parenteral long-acting-release (LAR) products. Despite their success, there remain critical barriers to the more widespread use of PLGA LARproducts, particularly for delivery of more peptides and other large molecular drugs, namely proteins. In this review, we describe key concepts in the development of injectable PLGA controlled-release depots for peptides and proteins, and then use this information to identify key issues impeding greater widespread use of PLGA depots for this class of drugs. Finally, we examine important approaches, particularly those developed in our research laboratory, toward overcoming these barriers to advance commercial LAR development.
Introduction
When bioactive agents are microencapsulated in biodegradable polymers, such as poly(lactic-co-glycolic acid)s (PLGAs) and related polymers, in a manner suitable for injection, it is possible to extend the duration of action of peptides from 1 day (e.g., for a solution dosage form) to 6 months [1] . Such a remarkable improvement for delivery of the luteinizing hormone-releasing hormone (LHRH) agonist, leuprolide, has been obtained with the Lupron Depot® microspheres and in situ forming gels of Eligard® [2] . Also used clinically is the Zoladex® implant, which extends duration to as long as 3 months with another LHRH agonist, goserelin, utilizing PLGA cylinders on the millimeter scale (which we have referred to as "millicylinders") [3, 4] , similar to a mechanical pencil lead. For patients with prostate cancer and other LHRH-indications, such long-acting-release products (LARs) not only improve lifestyle by minimizing exposure to the needle, but also generally improve patient outcomes by improving patient compliance and reducing peak-and-valley blood levels [5] .
The "large molecule" class of drugs is specialusually requiring injectionsowing to the difficulty to deliver these molecules by noninvasive routes. A second salient feature of these molecules is the commonly short half-lives when administered in blood, meaning that injections are not only required, but patients experience the needle frequently. Improving the delivery of large molecules is one of the top issues in the drug delivery field and controlled release is not the only approach to this problem. For example, the ability to extend peptide and protein half-lives in blood, usually by modification of the peptide/ protein molecule, has been accomplished by PEGylation [6] , protein fusion (e.g., to albumin or Fc region of the antibody) [7, 8] , and lipidation [9] . These methods also have been extremely successful, and the first two methods have been used in extending duration of protein pharmaceuticals [10, 11] .
Second, a plethora of noninvasive approaches have been on the horizon for quite some time, including oral, nasal, pulmonary, and transdermal delivery, just to name a few. There are some limited examples where approvals have come for administration of peptides by mucosal routes. If metabolic, transport, residence time, and safety barriers are traversed, there are significant opportunities, particularly as the oral route is the most commonly used route for drug administration. Third, the technology for injecting solutions, namely the pen injectors, have improved patient acceptance and raised the bar to compete with standard injections [12] . Patient acceptance can clearly be a significant obstacle for the delivery systems for large molecules, as evidenced by difficulties of Bydureon® (exenatide LAR) and Exubera® (pulmonary insulin) to attain a dominant market share. For example, Bydureon® has just recived FDA approval of a dual chamber pen containing diluent and drug in a single syringe/needle presentation to simplify the reconstitution and injection of the medication. The pen replaced a presentation in which drug and diluent were in separate containers. It is expected this new format will improve patient acceptance and sales of this drug, which faces stiff competition from the lipidated glucagonlike peptide-1 (GLP-1), liraglutide, and in the face of incoming GLP-1s (e.g., an albuminated GLP-1, abluglutide, was just approved by the FDA earlier this year) [7] . Thus, the battle of the GLP-1s between controlled release and peptide-modification is expected to continue as the controlled release depots also move to extend release to once-amonth or even longer.
So what is unique about PLGA depots? The prospect of sustained drug levels in the blood or target tissue for 1-3 months following a single injection is the holy grail for numerous drug companies for delivery of their polypeptide drugs. This long duration is not so readily attainable by non-PLGA systems, which do not have commercial precedence and lack the so-called "real world biomaterial" status. The noninvasive and peptide/protein modification strategies have typically been limited to weekly dosing. However, in order to accomplish 1-3 month controlled release, typically high total doses have to be initially encapsulated in the polymer. Once administered to the body, the polymer reacts with water to initiate and sustain erosion of the polymer, and the physicalchemical events that take place during this time are more complex than previously believed. Trying to reduce the complexity is one of the objectives for this review, as outlined below.
Numerous protein and peptide drugs could provide greater therapeutic benefit if the plasma concentration could be maintained for an extended period of time. The initial clinical application of PLGA implants focused on hormonal peptide therapeutics (leuprolide, octreotide, buserelin, and others), diabetes GLP-1 peptide, and growth hormone. However, a number of other products will benefit from sustained delivery of systemic dose such as blood coagulation factors, metabolic peptides, monoclonal antibodies and antibody fragments, enzymes, and cytokines. In addition, by using a polymer implant to maintain systemic levels of therapeutic drug, it is also of a great advantage to deliver drugs for local/site-specific activity. For example, protein delivery to the eye or brain is an excellent application of this polymer, and multiple products are currently in development for these applications. Delivery of growth factors held great promise for regenerative medicine for treatment of peripheral vascular and ischemic heart diseases. However, systemic administration of growth factors has led to mixed clinical outcomes. Increasing growth factor levels locally in ischemic tissue for extended time periods alone or in combination with cell-based regenerative therapy could lead to improved benefits. The local delivery of protein and peptides is an advantage of polymer implants that will not be furnished by other technologies, i.e., PEGylation, and the others mentioned above that are normally used for half-life extensions.
The purpose of this review is to (a) discuss key concepts in the development of injectable PLGA controlled release depots for peptides and proteins, (b) use this information to identify key issues impeding more widespread use of PLGA depots for this class of drugs, and (c) describe important approaches, particularly those developed in our laboratory, toward overcoming these obstacles and achieving more commercial depot formulations. Note that our goal with this review is to organize and describe the necessary concepts efficiently with supporting examples. The total body of literature in this area is immense and therefore, there are certain to be many important publications omitted.
Evaluation of key PLGA concepts to identify issues in depot development
One common misconception is that the release kinetics from PLGA are undesirable and do not provide continuous zero-order type release. In fact, it has been known for more than 30 years that, by incorporating a low molecular weight PLGA into the polymer matrix at elevated drug loading, continuous release of polypeptides is commonly observed without an induction time before polymer mass loss (should the polypeptide remain soluble) [13] . There are also PLGA products that release highly water-soluble peptides without a significant burst release [14] . Another perception about PLGA is that proteins are unstable when encapsulated in PLGAs. This issue has been more persistent, and complicated by the analytical difficulties associated with analysis of proteins in the release media and in the polymer. We see many papers about microencapsulation, but we see far fewer about issues that take place in real manufacturing plants. Are we microencapsulating the correct way? What about needle size? Clearly, smaller is generally better, and this is another topic that has received less attention in publications. Lastly, are there other polymers for accomplishing long-term release of peptides and proteins? There certainly are, yet the vast majority of these have not made it to clinical trials and for the few that have, there are still issues. These important concepts are examined, as their analysis is essential to identifying key issues limiting biodegradable polymer depot development.
Release kinetics
Drug release from PLGAs can have multiple phases, which typically include (a) an initial burst phase lasting over one to several days or even a week, (b) a lag (or induction) phase where low levels of polymer erode and sometimes little or no drug release is observed, and (c) an active erosion phase, where polymer mass is continuously lost from the polymer and drug release becomes continuous. The middle phase generally occurs when there is little or no pore diffusion of peptides and proteins throughout the polymer matrix and the molecular weight (MW) of the polymer is too high. The high polymer MW is accompanied by the lack of availability of water-soluble polymer monomers and oligomers that are necessary for polymer mass loss to occur. Overcoming this lag phase is one of the keys to generating continuous release. A discussion of these aspects is given in Sections 2.1.1 and 2.1.2. In addition, the interaction of the peptide and protein with itself (e.g., protein aggregation) and with the polymer (e.g., peptide acylation) is less wellrecognized as a rate-controlling pathway to release. One final important point is that once the polymer is hydrated, there are typically three separate domains in which the drug may be located (or at the interfaces thereof), including (a) dissolved in the polymer phase, (b) dispersed in a non-polymer containing drug solid state, and (c) dissolved or bound within the aqueous pores in the polymer. The extent to which the drug distributes in each of these domains will often strongly affect both drug release and stability.
Concepts regarding initial burst
The initial burst has recently been reviewed [15, 16] . If significant drug is not encapsulated, and either physically adhered to the surface of the polymer or present as a free flowing solid among the PLGA polymer, this drug fraction will obviously contribute to the initial burst. Attention is usually paid to the drug fraction, which is either wellencapsulated (i.e. having at least a polymer membrane all around the drug) or located within the polymer in a manner where the drug particle has a porous escape route to the polymer surface (i.e., located within a pore percolating to the surface of the polymer). Let us assume for the moment the very common case when the peptide or protein is highly water-soluble and located primarily within aqueous pores. There is a general misconception that these drug domains deep within the polymer cannot significantly contribute to the initial burst. In fact, drug that is initially encapsulated can certainly leave the polymer during this early release phase (see below).
For this discussion it is worthwhile to discuss competing rates. The first rate is how fast the water is taken up by the polymer matrix, which can be subdivided into the rates of water penetration into nonpolymer domains to create aqueous pores and water uptake into polymer domains, causing plasticization and increased polymer chain mobility. Virtually nothing can diffuse out of the polymer matrix until it is hydrated. A second competing rate is that of opening of the porenetwork (as well as surface pores and/or cracks), which creates the diffusion pathways for the drug. A third rate is the self-diffusion of the drug once the diffusion path is created. A final common competing rate is the rate of pore closing, or what is commonly referred to in material science as "passive polymer healing" [17] . This last rate process is considered responsible for shutting off the rapid diffusive escape route of the drug [18, 19] . Naturally, if the drug has significant solubility in, and/or interactions with, the polymer phase, there are additional rates to consider, and depending on unique circumstances additional competing rates may arise (e.g., loss of protein solubility due to protein aggregation).
The pore healing step, which we described while breaking down these aforementioned aspects [18] , remarkably has been absent from consideration in the early scientific literature of polymer controlled release processes despite its understanding much earlier in material science. We showed that the burst release of octreotide acetate stopped in an acetate buffered release media corresponding to self-healing of the surface pores of the polymer [18] . Reduced uptake kinetics of a fluorescent pore marker, dextran tetramethyl rhodamine (3000 Da), during the initial burst confirmed the closure of the pore diffusion pathway [18] . We also quantified the influence of the healing on the simultaneous initial burst release of both dextran and bovine serum albumin (BSA) from microspheres of PLGA-glu, a glucose star polymer of PLGA 50/50, by evaluating the role of temperature on the release of the two macromolecules [19] . As seen in Table 1 , at the two lowest temperatures (4 and 25°C), expected to be b T g of PLGA-glu, much more of the macromolecules were released (45-48%) than at the higher temperatures of 37°C (15-20%) and 45°C (8-11%). Scanning electron micrographs of the same polymer formulations showed the steady disappearance of surface pores at 37°C but not at 4°C after 2 days [19] .
From initial studies, it appears that pore creation, which is expected to result from polymer matrix swelling and uneven osmotic pressures, can typically occur much faster than pore closure (see, for example, the initial burst time-sequence of scanning electron micrographs in [18] ). However, it is important to note that pore closure will depend on pore size [20] , as it takes longer for polymer chains to fill in larger pore volumes than smaller ones. This may be one factor to potentially explain the observation that reduced pore size in microspheres tends to decrease the initial burst release of peptides [21] . Therefore, clearly for large pores on the micron scale, pore closing at 37°C for PLGA 50/50 is slow. However, as pore size is reduced to 30-100 nm or so, it is possible that in fact the pore closing rates might approach rates of pore opening, a topic which has not been significantly addressed in the literature to our knowledge.
Five common ways to accomplish continuous drug release
Continuous release of drugs from PLGAs has been accomplished for many years. Some of these methods are useful to large molecules and some are not. It is worthwhile to describe methods for small molecules too, as small molecule movement in and out of PLGAs is also important. Small molecule release events can indirectly affect large molecule release and/or stability. For example, release of either low molecular weight acids, produced by the degradation of the polymer, or low molecular weight excipients often added to the formulation, can affect degradation rates and microclimate pH development [3] . We describe below five methods that have been used to control the release of drugs continuously from PLGA.
2.1.2.1. Method 1use low polymer molecular weight fraction. Hutchinson showed that continuous peptide and protein release could be accomplished by including a significant or whole fraction of PLGA having reduced molecular weight [13] . Increased drug loading also was Table 1 Fraction releasable a during initial burst release of biomacromolecules from PLGA-glu microspheres [19] . found to be beneficial. Low MW PLGA typically contains oligomers of the polymer that have limited water solubility to trigger polymer erosion, and upon hydrolysis generates a continuous supply of polymer chains in the~1 kD range or less [22] . The continuous in vitro release of peptide from low MW PLGA films by erosion control was also found to be mostly independent of film thickness [13] .
2.1.2.2. Method 2co-encapsulate a poorly soluble base. Bernstein et al. [23] showed that when poorly soluble bases (e.g., MgCO 3 , Mg(OH) 2 , ZnCO 3 ) are added to PLGAs of moderate MW, instead of observing a lag phase, continuous release is observed. These bases are the same type of excipients that our group has used extensively to attenuate the microclimate pH in the polymer [3, 24] . The behavior can be rationalized by the following arguments: (a) the base reacts with acids (likely low MW acids) produced upon hydrolysis to form salts, which in turn, generates osmotic pressure and new pores for release of large molecules; (b) as the base reacts with the acids produced by PLGA hydrolysis, acids are removed from the polymer phase, which in turn reduces acid-catalyzed hydrolysis slowing the PLGA degradation rate [24] ; and (c) the inclusion of these acids induces significantly more water uptake into the polymer matrix [3] . Positive effects have been found typically at base loading of 3-10% w/w [23, 24] .
2.1.2.3. Method 3blend in a water-soluble polymer. Polyethylene glycol has partial miscibility with PLGA [25] . When blended in a very slowdegrading PLGA, like 100% PLA, it can cause continuous release of protein for a month with little pH-induced damage to BSA. Formaldehydetreated BSA, a model formalinized protein antigen (e.g., for tetanus and diphtheria toxoids) was also essentially completely released when additional stabilizing amino acids were included to inhibit the formaldehydeaggregation pathway [26] .
2.1.2.4. Method 4utilize classic diffusion pathways described for nondegradable polymer matrix systems. Four cases (I-IV) for pore and polymer diffusion pathways have been described for drug release from nondegradable polymers for controlled release (e.g., poly(ethylene-co-vinyl acetate) (EVA) and silicone rubber) [27] . If the drug has solubility in the PLGA, it can be released via case I (loading b drug solubility in polymer) or case II (loading N solubility in the polymer). We monitored BODIPY diffusion into, and out of, PLGA microspheres by confocal microscopy and successfully fit the solution to Fick's second law of diffusion to the resulting concentration profiles in the polymer [19] . If the drug is loaded at a level above the lower percolation threshold (typically occurs at N20-30% w/w), then the drug can be released via pore diffusion case III (drug water solubility b drug loading) and case IV (drug water solubility N drug loading). Zhang [28] observed pore diffusion of gentamycin through PLGA coated PLGA/gentamycin rods when the drug loading was 30-50%.
2.1.2.5. Method 5utilize osmotic-mediated drug release. When significant levels (typically at or below the lower percolation threshold) of low molecular weight water-soluble excipients, or the drug itself, are incorporated into the polymer, significant osmotic pressures can be generated. In the aforementioned study by Zhang et al. [28] , when the loading was fixed at 30% and the length of the cylinder was increased, steadily more osmotically-mediated release of gentamycin was observed. The osmotic effect was counteracted by increasing the osmotic pressure of the release media, which reduced the drug release when the water mechanism was operative.
Stability of PLGA-encapsulated peptides and proteins
PLGA and other polymers for controlled release are reaction vessels in a sense. Unlike nondegradable polymers, PLGA is reacting with water all the time and contains acid end-groups and ester bonds that can interact physically and/or chemically with the peptide or protein of interest. The microclimate pH is often acidic and not well controlled, which can be deleterious for many peptides and proteins. Therefore, stability of peptides and proteins when encapsulated in PLGA has been reviewed extensively [29] [30] [31] [32] [33] [34] [35] [36] [37] , as it is commonly considered the most significant issue impeding development of PLGA depots for proteins [38] .
In order to address this issue on a mechanistic level, the general approach that has been taken is based on analyzing the deleterious physical-chemical events occurring from the time of encapsulation of the drug until the point when the drug is released in vivo [29] . This analysis and ensuing experimental evidence has identified several concepts [29] [30] [31] [32] [33] . For example, during encapsulation, protein damage is common during the micronization step, which generally involves a significant input of energy to break up cohesive forces in the protein phase to create a large surface area and tiny liquid or solid protein particles [29, 31] . Likewise, the exposure to the organic solvent, particularly if the protein has mobility, either before, during or after micronization, can cause protein unfolding and associated instability mechanisms, particularly protein aggregation [29] [30] [31] . Drying is also an important step whether it is at elevated temperature under vacuum or by freeze-drying.
During release, four common stresses on the protein appear to be dominant. (1) Exposure to moisturehydration and long-term exposure to moisture of the protein can place the protein at a deleterious water level [39] . For example, recent estimates of a formulation of simple BSA-loaded PLGA microspheres without additional stabilizers placed the protein concentration in the polymer pores at~500 mg/mL [40] . (2) Uncontrolled and often acidic microclimate pHthe polymer produces acid over a range of rates with PLGA 50/50 being the fastest to PLA being the slowest. In addition, the low MW acids, which have been shown to control the pH in the polymer pores (i.e., the microclimate pH, μpH), may have differing levels of diffusion rates depending on the polymer porosity, polymer molecular weight, plasticization, and others [19] . Reduced levels of pH b 5 are frequently problematic for proteins because of acid unfolding. (3) Polymer interactions (physical)physical interactions with the polymer are known to occur on different levels [41] . Simple single-layer adsorption is expected to be reversible or irreversible. For proteins, particularly susceptible to surface-induced unfolding, this mechanism may prove to be important. Whether the protein can enter the polymer phase when the polymer chains get particularly short (i.e. later in release or when using oligomeric PLGA) has not been carefully investigated to our knowledge. However, in such cases the protein would be expected to unfold owing to the decreased water activity, which is necessary to remain high to maintain the folded structure of the protein. (4) Polymer interactions (chemical)direct chemical reactions of the polymer with peptides do occur and have been documented for numerous therapeutic peptides [42] [43] [44] . Recent evidence suggests that, in certain cases, peptides can actually penetrate into the polymer phase (e.g., with cationic octreotide and leuprolide in low MW PLGAs with acid endcapping [45] ). This fact helps to clarify the significant extent to which certain peptides form amide bonds in the acylation reaction as the peptide within the polymer phase is in intimate contact with polymer chains in the presence of reduced levels of water. For proteins, acylation is less clear and warrants further investigation.
From these stresses, several physical and chemical mechanisms of instability act on the peptides and proteins. Among the most common are unfolding, soluble and insoluble protein aggregation, hydrolysis, deamidation (and related racemization), and oxidation [33] . A lack of analytical equipment and training available in certain academic settings to rigorously characterize peptide and protein instability pathways continues to hinder efforts. Analytical columns are quite costly, and the entirety of analytical equipment (e.g., CD, fluorescence, FTIR, LC/MS, and NMR, just to name a few) is not always available. Moreover, separating the peptide or protein from the polymer at various times of release incubation for analysis is not always trivial and requires proper validation. Common protein assays and bioassays also can have interference with components of the release media.
The total polypeptide loading in PLGA can be determined definitively by amino acid analysis after acid hydrolysis [45] [46] [47] . Knowing this value irrespective of the drug's stability is always important when beginning formulation work.
Microencapsulation and manufacturing
Most peptides and proteins cannot be terminally sterilized by gamma or e-beam radiation without damage. This requires that, for LAR products, these molecules must be microencapsulated aseptically on a commercial scale in the presence of organic solvents. These common processesnamely solvent evaporation, coacervation, and spray-dryinghave generally reached large scale and produced numerous peptide-PLGA LARs that have passed the test of time on the market. However, drug makers have also suffered significant unanticipated costs in product scale-up and need to manage the presence of one or more residual organic solvents. Impurities in PLGA delivery systems have long been known to cause issues with depots. For example, residual osmotically-active water-soluble acids in the polymer have been shown to be capable of increasing the initial burst release of leuprolide (as well as causing shelf-life and encapsulation issues) [48] . Most residual organic solvents have significant solubility in water, and therefore are also osmotically active. When dissolved in water, organic solvents are surface active and typically reduce surface tension [49] , and can also affect polymer aging [50] . Keeping a uniform particle size distribution and maintaining high product yield are further challenges.
Who uses the smallest needle and does it matter?
The type of needle used for parenteral injections depends on such factors as the drug formulation, route of administration and the intended patient population [51] . Two important aspects are the needle length and the needle gauge (diameter); the higher the gauge number, the smaller the diameter. For example, standard intramuscular (IM) injections require longer needles with a thicker diameter (typically 23G to 18G and 2.5 to 7.5 cm long) [52] . Smaller needles are generally used for standard subcutaneous (SC) injections (25G to 23G with a length of 1.5 to 2 cm) [52] , although newer technologies have significantly decreased this size range (e.g., BD Ultra-Fine pen needles).
The needle geometry is also determined by the formulation for injection. The Lupron Depot®, the LAR suspension for leuprolide acetate, is supplied as lyophilized PLA microspheres and a diluent in a prefilled, dual-chamber syringe with a 23G needle. The microspheres are mixed with the diluent to form a suspension prior to IM injection [1] . Bydureon®, the microsphere formulation for the extended release of exenatide, is available as both a prefilled syringe plus vial and as an injection pen. The pen contains PLGA microspheres and diluent, which are mixed together and then injected subcutaneously through a 23G needle. The injection pen is a simpler alternative to the syringe and vial preparation of Bydureon® [53, 54] .
Eligard® and the Zoladex® implant are two polymer matrix-based sustained release formulations. Eligard®, an in situ forming injectable depot implant for the delivery of leuprolide acetate, is packaged as two separate syringes whose contents are combined directly prior to SC injection. One syringe contains leuprolide acetate and the other contains the ATRIGEL® delivery system, a matrix composed of PLGA dissolved in a biocompatible solvent system as N-methyl pyrrolidone. The two components are combined immediately before injection with a short 20G needle and form a solid implant at the injection site [2, 55] . The Zoladex® implant is supplied as a prefilled syringe that contains goserelin acetate dispersed in a cylindrical PLGA matrix. It is administered by SC injection in the abdomen with a 16G or a 14G needle depending on the dose [56] .
To develop an effective and pharmaceutically acceptable PLGA injectable suspension, a number of characteristics must be evaluated. As for any injectable suspension, critical characteristics defining pharmaceutical acceptability include syringeability, injectability, clogging, resuspendability, and viscosity [57] . Syringeability refers to the ability of an injectable suspension to pass through a hypodermic needle from the vial to the syringe. It includes an ease of withdrawal, clogging and foaming tendencies, and accuracy of dose measurements. Increases in the viscosity, density, particle size, and concentration of solids in the suspension, all hinder the syringeability of suspensions [57] . Injectability refers to suspension performance during injection, i.e., pressure required for injection, evenness of flow, aspiration qualities, and freedom from clogging. Clogging may occur because of a single large particle or particle aggregate. Clogging involves a number of factors, such as the injection vehicle, wetting of particles, particle size and distribution, particle shape, viscosity, and flow characteristics of the suspension. Resuspendability describes the ability of the suspension to uniformly disperse with minimal shaking after it has been at rest. "Caking" upon rest, or settling, and fusion of the deflocculated particles present a problem to resuspendability.
A key issue associated with the use of needles is pain and discomfort from injection, which can cause burden on the patient and reduce treatment compliance. A survey conducted by Rubin et al. interviewed patients being treated with insulin. Almost half of the patients indicated that they would like to ease the pain related to injections, and the majority of patients wished to reduce the number of daily injections [58] . Needle diameter has been directly associated with injection pain and incidence of bleeding, with patients feeling less pain and experiencing a lower frequency of bleeding with thinner needles [59] .
Local reactions from the injection of SC PLGA formulations are common. SC administration of PLGA microspheres may form nodules at the injection site, however these nodules are temporary and usually resolve without medical aid [54] . Patients treated with Eligard® reported injection site reactions consistent with reactions from other SC-administered drugs; overall, these reactions were mild and transient [60] . In the case of Zoladex®, icing the injection site has been found to reduce pain associated with the larger needle size [61] . One study demonstrated that there was no statistical difference in pain experienced by patients treated with Zoladex® (16G needle) or Prostap® (leuprorelin acetate, 23G needle) when blind to the needle size [62] . However, even discomfort from seeing a larger needle can influence pain and should be given due consideration [61] .
Is PLGA the only game in town?
A very large number of natural and synthetic polymers have been developed over the years for the delivery of pharmaceutically active compounds [27, [63] [64] [65] [66] [67] [68] . As newer molecules have been formulated for a wide variety of diseases and therapies, they demand different properties for optimal delivery. A range of biodegradable biopolymers has been developed to meet these challenges [42, 66, 67, [69] [70] [71] . It is beyond the scope of this review to discuss each of these, but rather to discuss a few interesting examples in the biomacromolecular controlled release context. Of the many biodegradable polymers, only a few reach the clinic and beyond in large part because of the high costs and risk associated with placing unproven biomaterials in pharmaceutical LAR products. In addition, others fail because of poor drug-polymer compatibility, inherent polymer toxicity, immunogenicity, low drug loading and poor preclinical performance [36] .
In spite of these obstacles, some promising clinical results have been reported. For example, Locetron®, a poly(ether-ester) microsphere formulation for the delivery of interferon α2b, had promising phase II trials [72, 73] . PhaseBio pharmaceuticals has reported promising clinical results for Lucemera® and Insumera®, which are based on its propriety elastin-like polypeptide delivery system [74] . The extensively studied polycaprolactone polymer has been a part of FDA-approved therapies in the past, making it an ideal candidate for developing controlled release products [75] . Poly(D,L-lactide-co-hydroxymethyl glycolide) (PLHMGA) microspheres have been shown to develop lower acidic conditions compared to equivalent PLGAs [40] and have been reported to release stable octreotide over 60 days [76] . Copolymerization of hydrophobic polymers (e.g. PLGA and PLA) with hydrophilic polymers also has been accomplished to overcome the issue of acidic degradation [36] . A polyoxalate based polymer system has been shown to be biodegradable, biocompatible, and provide better cell viability as compared to PLGA [77] . Polyketal copolymers have been shown to deliver imatinib effectively, but the inflammatory response warrants further investigation [78] .
As is evident, new polymers promising better therapeutic outcomes are many but the challenges remain the same, namely safety and efficacy. Hence, a number of new biodegradable polymers have been developed over the years but they face regulatory and clinical hurdles. Judicious and early use of cellular and animal studies need to be adopted to ensure that biocompatibility issues are overcome for the timely development of safe and effective drug delivery systems. Another plausible factor limiting the alternatives to PLGA is the gap between the research work carried out developing new polymers and the developmental work in the pharmaceutical industry. Most new polymer systems are tested exclusively in preclinical studies, and rarely undergo further clinical research and development. These materials fall into the "valley of death", which arguably impedes development of new discoveries into therapies [79, 80] . Thus, in the absence of robust characterization and developmental work and a more straightforward regulatory path to close this gap, the industry usually prefers to work with very well characterized and polymeric biomaterials like PLGA, already used in FDA approved parenteral and implantable products, to avoid delays, risks and high costs associated with regulatory approval.
Approaches to overcome issues impeding depot development
There are numerous specific design criteria in a commercial PLGA formulation, and accomplishing these at a reasonable cost of goods is certainly a significant challenge. For example, adding stabilizing excipients for the drug can in turn affect the release kinetics, as observed with the poorly soluble bases (e.g., MgCO 3 ) described above. Living with some undesirable product attributes such as residual solvents and broad particle size distributions may be required to achieve acceptable yields. We have grouped these important issues into four categories: (a) release kinetics, (b) drug stability, (c) microencapsulation, manufacturing, and aspects associated with organic solvent use, and (d) needle size. Efforts to overcome these are described below.
Improving release kinetics
Besides making more uniform microspheres, most of the research in this area recently has been focused on improving release kinetics and has involved attempting to reduce the initial burst release. The strategies to reduce burst can be broadly divided into three categories. The first has to do with controlling microsphere surface properties by alteration of process variables, including special steps for surface modifications and use of excipients to alter surface morphology. This strategy is used in numerous commercial PLGA commercial products, and modifications of this approach have been patented [15, 81, 82] . Generally it involves effective plasticizing of the surface of the microparticle to allow surface pore closure and to remove residual stresses. This is accomplished by addition of surfactants or plasticizers [5, 83] , sealing the surface by organic solvent vapors [84] , and washing or incubating microparticles in alcohol solutions at temperatures slightly above the effective polymer T g [84] . This concept may also help to explain why the relative amount of residual solvent significantly affects the initial burst, since in addition to affecting osmotic pressure, residual solvents influence effective T g and surface plasticity. Another surface modification approach involves annealing the polymer above the T g to facilitate pore closure and removal of bulk and surface stresses [82] . These considerations may also explain why the freeze-dried microspheres typically have higher bursts than those vacuum-dried at room temperature as the latter likely anneal during drying [85] . Other surface focused approaches include minimizing surface drug crystals by controlling solvent evaporation/solvent extraction rate [86] or by utilizing nonaqueous emulsion systems (oil-in-oil) by emulsifying polymer solution in silicone or cottonseed oils [87] . Yet another surface modification involves coating the surface of formed microspheres with a new layer of PLGA [88] .
A second category includes increasing physical attraction of drug and polymer by either modifying the peptide to increase organic solvent partitioning, modifying the polymer to increase drug binding or using an excipient to bind the polypeptide and reduce its net charge or solubility. For example, peptides were modified with PEG or lipid tails to increase organic solvent partitioning to co-dissolve the peptide with the polymer [89] . Alternatively, the polymer composition was altered by introduction of polyethylene oxide, dextran or chitosan in the peptide chains [90] . Use of ion-pairing excipient to increase peptide hydrophobicity was found to be an effective strategy to reduce initial burst [91, 92] . Complexing therapeutic protein with other proteins, polysaccharide or cyclodextrin, was also utilized to reduce bursts and improve stability of encapsulated agents [15, 93] . The third category involves optimizing the polymer microstructure by optimizing process variables. Examples include, producing denser/non-porous microspheres by using more concentrated polymer solutions, micronizing drug to obtain fine powder for suspension in the polymer phase and minimizing inner water phase emulsion droplet size [15, 94] .
Devising ways to improve peptide and protein stability
Significant progress has been made in the last several years on methods to improve stability of PLGA-encapsulated proteins and peptides. As proposed early on, an important way to manage the protein with higher order structure is to keep the biomacromolecule entirely dry or fully hydrated during processing and release incubation [29] . For example, in the 1990s encapsulation methodologies were developed to encapsulate the protein in the solid state in the absence of water. Examples included (a) the ProLease® spray-congealing strategy to spray micronized and precipitated human growth hormone suspended in methylene chloride/PLGA into a bath of liquid nitrogen before cold ethanol extraction of the organic solvent [95, 96] , and (b) suspension of solid and ground tissue plasminogen activator, BSA, and/or basic fibroblast growth factor in PLGA/acetone before extruding into silicone rubber molds to remove the solvent under vacuum [3, 4] . Although Alkermes and Genentech were able to obtain FDA approval for the rhGH/PLGA Nutropin depot, which utilized the ProLease process, sustained commercialization of this and other methodologies involving the encapsulation of solid-sate proteins in PLGA microspheres overall has been quite limited. Similarly, to our knowledge no attempts have been made to commercially develop cylindrical implants from anhydrous extrusion of proteins in PLGA akin to the highly successful Zoladex® implant releasing the LHRH peptide agonist. Therefore, water-based encapsulation (when protein is fully hydrated but without organic solvent) appeared to us as a logical alternative, which is described below. During release, efforts are also described to overcome variations in microclimate pH and interactions with the polymer, in order to minimize protein unfolding and aggregation, chemical changes, and acylation adducts. Finally, efforts to shield polymer-polypeptide interactions have also been developed either to prevent direct covalent reactions (i.e., peptide acylation) or to help retain the protein's native conformation.
Aqueous microencapsulation
Common microencapsulation methods (solvent evaporation, coacervation and spray-drying) were not designed with process-sensitive molecules such as proteins in mind. The alternative to anhydrous encapsulation, which does not require micronization and organic solvents, is to remotely load the protein in pre-formed microspheres in water. This process has shown improvement in stability of lysozyme and tetanus toxoid [46, 97, 98] and is described below in Section 3.3.
Monitoring, manipulating, and predicting microclimate pH
There have been several steps in our evolution of understanding of the microclimate pH (μpH) in PLGA systems, which all produce acidic byproducts upon hydrolysis of the PLGA polyester. After many studies pointed to an acidification within the polymer, we demonstrated definitively that BSA encapsulated in PLGA 50/50 cylindrical rods forms acid-induced noncovalent aggregates and is hydrolyzed [3] . The structural features of BSA aggregates formed under acidic and moist conditions indeed matched BSA aggregates extracted from the polymer during release [99] . Raising the pH within both PLGA cylindrical implants and microspheres with a variety of poorly soluble bases showed a strong reduction in the acid-induced instability of PLGA-encapsulated BSA and therapeutic proteins [24, 100] . These and other studies strongly motivated the development of research to understand and measure the μpH in an effort to obviate its deleterious effects.
For example, when bFGF was added to a similar BSA/PLGA formulation as described above, but with heparin added to stabilize the native state of the growth factor [101] , bFGF was also released continuously for over 1 month with high retention of immunoreactivity and bioactivity [3] . These formulations were tested in SCID mice, whose primary arteries and veins feeding their right hindlimbs had been ligated and cut, such that, without treatment the limbs did not heal. In the presence of the stabilized formulations containing bFGF not only did the limbs survive (N 90% animals retaining limbs after 6 weeks) (see Table 2 ) but Doppler imaging showed that blood flow was largely restored relative to the healthy left limb (Figs. 1-2) , with animals remaining ambulatory. By contrast, in the controls where the growth factor was not properly stabilized or not present, by 6 weeks most of the ischemic limbs did not survive ( Table 2 ) and any that remained had severely impaired blood flow (Fig. 2) . Hence, the improved stability of the released growth factor conferred by the incorporation of the basic additive, Mg(OH) 2 or MgCO 3 , demonstrated dramatic therapeutic effects. Additional success with the basic additives was observed with t-PA in cylindrical implants [100] and with tetanus toxoid in microspheres [102] .
A key step toward defining the role of acid build-up in the polymer was to develop an assay to measure the different acids within the polymer. We accomplished this by derivatizing the acids with the chromophore, bromophenacyl bromide, to form bromophenacyl esters, which then could be distinguished according to their hydrophobicity via their adjusted retention times during reverse phase HPLC analysis [104] . This amino acid analysis like assay was validated, and it clearly showed the kinetics of the distribution of the water-soluble acids, and the significant initial presence of lactoyllactic acid owing from residual lactide in the polymer.
A second important step was measurement of the μpH itself, for which a number of interesting methods have been developed [105] [106] [107] [108] . We initially developed a simple method that was based on coating thin films of PLGA on working glass electrodes [109] . The method was validated by encapsulating buffering salts that fixed the pH at various values, which were similarly determined by the calibrated glass electrode. This measurement showed that the μpH in PLGA 50/50 could in fact become remarkably low (b3) at the outset, due to the acidic impurities in the polymer. It also showed the tendency for the pH to rise just after incubation, consistent with a burst release of water-soluble acids (before the hydrolytic rate overcame the acid diffusion rate to once again lower the pH value) [109] . The return to acidic levels was not observed with higher lactic-content PLGAs during the one-month time scale of the experiment. We combined the two earlier studies on assay development in order to test our ability to predict μpH in the thin PLGA films coating glass electrodes [110] . We hypothesized that the water-soluble acids that are present as impurities and then by hydrolysis of the PLGA rapidly partition between the aqueous pore and the polymer. Once in the pore these acids dissociate and provide protons that lower μpH. In the first mathematical model, shown below, we assumed that the watersoluble acids are at equilibrium throughout the polymer, which is a reasonable assumption for a large size polymer film. By making several additional rudimentary assumptions, we could estimate the pH in the pores of the PLGA films by the following transcendental equation (see [110] for details): where μpH R is the μpH that satisfies the root of the above equation (i.e., when F = 0); P i is the polymer/water partition coefficient for each water-soluble acid in the polymer; ρ p and ρ w are the density of the pure polymer and water phases in the polymer matrix; ϕ w is the water uptake; K a i and pK a i are the acid distribution coefficient of each acid and − log K a i ;n T HA is the total molar content of watersoluble acids in the polymer matrix; and X XA i is the mole fraction of each water soluble acid in the polymer matrix. Therefore, the prederivatization assay for the water-soluble acids could be used to determinen T HA and X XA i as a function of time during PLGA film erosion and simple gravimetry could be used for ϕ w . However, the values of P i were still needed. Therefore, P i was determined directly for the primary μpHdetermining acids, GA (glycolic acid), LA (lactic acid) and L 2 A (lactoyllactic acid), and indirectly for larger acids by extrapolating the linear free energy theory curve between the directly measured P i 's and the pre-derivatization HPLC adjusted retention times [104] . We used the fact that (a) the composition of water soluble acids in films was found to remain fairly constant in the first week of degradation of medium MW PLGA 50/50 (i.v. =~0.6 dL/g) [104] and (b) if the films were made to be very thin, the water soluble acids should equilibrate with the polymer as diffusion should be very fast relative to degradation (see for example, speed of BODIPY diffusion [100] ).
As seen in Fig. 3 , there was a linear relationship between the concentration of GA, LA, and L 2 A in the polymer (corrected for distribution of acids in the water pores) and the concentration in the aqueous solution. The data indicated that for a medium MW end-capped PLGA, the monomers and oligomers slightly preferred the polymer phase from~6 for glycolic acid to~100 for one of the oligomers that had significant concentrations in the later part of the release [104, 110] . From the linear free energy theory (log(t R(m) ′) − log(t R(n) ′) = b(m − n)) [111] , the data in Table 3 for LA and L 2 A predict the LA trimer at 1.54 min (oligomer 2) and LA tetramer at 2.09 min (oligomer 4). The absence of any GA dimer in our studies, which would be expected to elute between LA and L 2 A strongly suggests that this dimer is fairly unstable in water. These studies provide a potential framework to generally evaluate the partitioning behavior of monomers and oligomers in biodegradable polymers.
By using Eq. (1), and directly measuring via pre-derivatization HPLC, water-soluble acid content in the PLGA films as a function of time (i.e., to given T HA and X XA i as a function of time) the μpH in the glass electrode PLGA film coatings was predicted over a variety of conditions and found to correspond extremely well with the potentiometric determined value. For example, the experimental and predicted values for 3 different polymers are compared in Table 4 . The μpH begins low, originating from acidic impurities and begins to rise, particularly for the PLA, which does not produce the acids fast enough to compete with their release from the polymer matrix. We have disclosed initial models that describe the same type of prediction for microspheres taking into account the production and release kinetics of the low MW acids [112] , and these results will be published in the near future.
The next step to make more practical use of this analysis directly in microsphere products were to monitor the μpH distribution in the polymer. Fu et al. devised a method based on ratiometric imaging of a pHsensitive dye [113] , which we later perfected for two different ranges of measurements, namely, 2.8 b μpH b 5.8 (Lysosensor yellow/bluedextran) [114] and 5.8 b μpH b 8.0 (SNARF1-dextran) [115] by utilizing a single dye and careful signal processing to create a Gaussian distribution of the standard pH images [114] . These data confirmed that PLGA microspheres of different molecular weights and lactic/glycolic ratios Fig. 3 . c Extrapolated using log P i vs log t R ′ for the directly measured cpbs (for GA, LA, L 2 A).
Data from [110] . 3) . These studies were however conducted in the absence of buffering agents of polypeptides loaded within the polymer. Later we conducted a similar study using the acidic dye but in the presence of proteins, BSA and lysozyme [40] . Interestingly, the presence of high concentrations of protein in the polymer pores interfered with the measurement, requiring that standard curves be used in the presence of the relevant concentration of the interfering coencapsulated drug [40] . From this analysis, the pH in 50/50 microspheres with elevated loading of BSA was commonly in the pH 4-5 range.
Minimize interactions with the polymer
A couple of interesting approaches have been used to decrease the interaction of cationic peptides with the carboxylic acids of acid-end group PLGAs [42, 44] , which leads to peptide acylation of octreotide [43, 44] . As Na and DeLuca postulated [43] that upon peptide adsorption to the polymer, the ε-amino group of octreotide first forms a salt with the PLGA carboxylic acid end group before the αamino group attacks the polymer backbone to form an amide bond. To block this reaction, the authors PEGylated at either the αor εamino group, or both, and found significant inhibition of the polymer-peptide interaction in a strongly phosphate buffered solution. More significantly, the acylation was completely absent in the presence of either the N-terminal PEGylated or di-PEGylated peptide, but still occurred slightly with the PEGylated peptide at the εamino group. The N-terminal PEGylated peptides (2 K and 5 K PEG) were also shown to be biologically active with similar pharmacokinetics in rats with the native peptide [43] .
Similarly, we sought to minimize the peptide-polymer interaction by outcompeting the peptide for the polymer carboxylates [44, 116, 117] . By adding various water-soluble salts of divalent cations, such as Mn 2+ and Ca 2+ , to suspensions of acid-end group PLGA and the peptide, the octreotide-polymer interaction was strongly inhibited, resulting in a modest decrease in peptide acylation [44] . This strategy also translated into sharp decreases in octreotide acylation when encapsulated in microspheres when formulation conditions were optimized [116] . The approach was found to be augmented in certain cases when carboxymethyl chitosan was added to the formulation to help retain the divalent cationic salts [117] .
A second interesting approach to minimize protein polymer interactions, apart from the well-known protein insolubilization strategy with Zn 2+ (e.g., Zn-precipitation of human growth hormone in the Nutropin Depot [95] ) is to immobilize the protein on a solid or gel support. This was accomplished by binding protein antigens with the aluminum adjuvant, Al(OH) 3 ionomeric gel [46, 97, 98] . We have also disclosed binding of lysozyme to dextran sulfate [118] . When tetanus toxoid (TT) was encapsulated in PLGA microspheres by binding with preencapsulated Al(OH) 3 , the antigen was released with full immunoreactivity over 1 month (see data below). This is in contrast to the extraordinary instability of this antigen recorded by numerous groups with the common issue of protein aggregation [26, 29] and loss of immunoreactivity [102, 119] . A third possibility to minimize protein/polymer interactions is to introduce PEG blocks in the PLGA or add PEG to the protein [120] [121] [122] .
New opportunities for microencapsulation
Interesting microencapsulation approaches have focused on ways to increase control of the polymer size, and to shift the paradigm to remote loading in water. The ability to form unimodal emulsion size distributions has provided numerous examples of successful microsphere formulations of controlled size. Secondly, employing spontaneous selfassembly of polymer chains via healing and absorption processes has allowed our group to create an aqueous remote loading paradigm for large molecules in PLGA.
Exploring the concept of remote loading in PLGA
The Doxil® liposomal formulation for doxorubicin provides precedence for aqueous remote loading of a drug in a parenteral colloidal drug formulation that has reached the clinic. In this example, an empty liposome with a pH gradient across the bi-layer is placed in contact with doxorubicin, which in its freely basic form diffuses across the bi-layer and precipitates as a sulfate salt to achieve high drug loading and encapsulation efficiency [123] .
Below two different scientific concepts are described, both of which our group unexpectedly discovered while carrying out mechanistic studies. The initial burst release of peptides and peptidepolymer interactions and processes rely on spontaneous polymer chain self-assembly at temperatures above the hydrated polymer T g . If we presume that such a remote loading approach could be applied to PLGA-encapsulation of large molecules and commercialized, it is interesting to consider the potential advantages. These advantages can be subdivided into the following general improvements (see also [46] ): (a) increased stability of proteins, owing to the absence of organic solvents, interfaces, and high sheer stresses associated with protein micronization; (b) reduced cost of goods associated with manufacture, owing to the ability to (i) sterilize the drug-free polymer before encapsulation allowing the bulk of the manufacturing to be conducted under non-sterile conditions, and (ii) test the drug-free polymer on a small scale before large-scale use encapsulation, (c) the ability to work at lower operating yields with drug-free polymer microspheres (as the API is not yet present) in order to enhance product attributes, such as particle size distribution (useful to reduce needle size); (d) the ability to test controlled release in earlier phases of drug discovery because much lower levels of API are needed for encapsulation; (e) high loading can be achieved from much lower API concentrations than with the solvent evaporation method; and (f) the potential to formulate drug-free microparticles under conditions not normally used because of the presence of an API.
3.3.1.1. Self-healing encapsulation. After discovering the remarkable ability of micron-size or small pores in the surface of PLGA to close spontaneously in water and shut down the initial burst release [18] , we have devised a paradigm to microencapsulate large molecules in water by self-assembly of polymer chains to heal defects [46, 124] . This paradigm involves first preparing drug-free microspheres (or other polymer geometry/configuration), in which a percolating pore network is created. Percolation can be accomplished by a variety of methods such as encapsulating high levels of osmotic agents, e.g., sugars such as trehalose or sucrose by the solvent evaporation methods [46] . Second, the porous self-encapsulating (SE) microspheres are placed in an aqueous solution containing the drug for encapsulation under mild agitation at a temperature below the hydrated polymer (T g ) to allow entry of the drug deep within the polymer matrix. Third, the polymer is healed by raising the temperature N T g (typically~37-43°C depending on the polymer MW, end-capping, and presence or absence of an additional plasticizer), which causes both closing of the pores at the surface of the polymer but also a separation of pores within the polymer matrix. The surface pore closure thus encapsulates the drug in the polymer for later controlled release (Fig. 4) .
Note that the above approach can be done either passively, without imposing an additional incentive for the drug to enter the polymer pores, or actively, e.g., by placing an excipient in the SE polymer matrix that traps the drug as it enters the polymer. We refer to this excipient as a "trapping agent." The first example we used to accomplish active self-encapsulation (ASE) was PLGA with lyoprotected Al(OH) 3 adjuvant, which reversibly binds and stabilizes protein antigens. The passive SE approach is limited in terms of the encapsulation efficiency. However, the ASE strategy has achieved N 97% efficiency of loading and (with 1-2% w/w antigen load) full immunoreactivity of the tetanus toxoid, an antigen notoriously unstable to PLGA-encapsulation and release ( Fig. 5) . Moreover, the ASE microspheres could be sterilized by gamma-irradiation before successful encapsulation and release with little change in microsphere performance [98] .
Peptide absorption encapsulation.
Another exciting approach to compliment existing microencapsulation techniques for peptides is based on absorption of peptides in acid end-group PLGA (PLGA-COOH). It has been known for years that small molecules could partition in PLGA (e.g., BODIPY or monomer/oligomer partitioning described above). However, recently while studying the interaction of peptides susceptible to the acylation reaction, we observed a predicted maximal molar sorption of small cationic peptides N 600 Da, leuprolide and octreotide, in the vicinity of the molar capacity of end groups of the PLGA (Table 5 ). Moreover, this sorption was rapid, requiring less than 1 day of exposure to PLGA particles at 37°C. This high level of sorption suggested to us that the peptide was entering the polymer phase. We conducted several studies including (a) peptide sorption at constant surface area but varying polymer thickness, (b) microtoming peptidesorbed films, (c) stimulated Raman scattering of peptide-sorbed films, and (d) confocal microscopy of uptake of fluorescently labeled peptide [45] . In each case, when temperature was raised above a critical temperature (likely the hydrated T g of the polymer), we observed evidence to support peptide absorption as follows: (a) steadily more peptide was extracted as film thickness was increased at constant surface area, (b) microtomed films showed steadily less peptide recovery after steadily removing the surface layers of peptide-sorbed films, (c) SRS imaging of peptide-sorbed films bound peptide throughout a~20-μm film, and (d) fluorescent confocal imaging showed uniform uptake of dyeconjugated octreotide [45] .
To demonstrate encapsulation, aqueous leuprolide solution was incubated with low molecular weight PLGA with acid end groups, which had been ground and sieved suitable for injection, at 37°C for a day. After concentration adjustment during incubation, the peptide had absorbed into the polymer at 17% by wt. (~70% of acid end groups bound). The polymer controlled the release over several weeks in vitro and demonstrated effective testosterone suppression in rats for 2 months, when injected biweekly as good as that achieved by 2 doses of the 1-month Lupron Depot® [45] .
3.3.2. Exploring the concept of particle size and microstructure control Recent advances have been made for controlling microsphere size during production. Traditional microsphere preparation methods tend to suffer from batch-to-batch variation with large size distribution and issues with microsphere uniformity. Reproducibility and narrow size distributions are important for quality control and syringeability [125] . Microfluidic technology, particularly flow-focusing devices, has been employed to produce uniform, monodisperse PLGA microspheres [126] . In flow-focusing devices, one phase (e.g., dispersed phase) is injected into a stream of another phase (e.g., continuous phase) to form droplets; the fluid streams determine the microsphere size [126, 127] . Other fabrication techniques that allow for fine control of size and uniformity include microsieve emulsification (Nanomi) and Envisia's PRINT® technology [125, 126] . In microsieve emulsification, one phase is dispersed into a second phase through a silicon-based microsieve with very precise pore size [125] . PRINT® technology involves rolling a pre-particle liquid into a mold that possesses micro-/ nano-sized features. Once the liquid has hardened (e.g. by solvent evaporation) in the mold cavities, the particle array can be removed and collected. Removal is carried out using an adhesive layer to pull the particles out of the mold; the adhesive is then dissolved, thereby releasing the particles for collection [126] .
What can be done about needle size?
An important aspect that must be considered when designing PLGA microsphere formulations for parenteral delivery is microsphere size. The size affects the syringeability of the formulation and the needle gauge to be used for injection. Generally, smaller microspheres have better syringeability and require a smaller needle diameter. However, below a certain size, microspheres are more prone to phagocytosis. Therefore, it is important to find a size range that balances depot formation, syringeability, and needle gauge [125] . With the advent of microsphere size control, as described above by direct control of emulsion size or with lower yields (without the API) by tightly controlling size between screen sizes according to the aqueous encapsulation paradigm, the prospect of improving needles for patients is highly intriguing. Keep in mind that this can usually be done without large changes to long-term polypeptide release if the Hutchinson [13] approach to continuous release is used, which is not expected to be strongly influenced by microsphere size.
Viscosity enhancers are also typically added to microsphere injection vehicles in order to retard settling of the particles. However, viscosity is typically kept not too high, in order to facilitate mixing, resuspension of the particles with the vehicle, and to use less force during injection. The Lupron Depot® (mean particle size of~8 μm) utilizes an injection vehicle with a viscosity of approximately 5.4 cp at room temprature. The fluid phase of a suspension of Decapeptyl® (mean particle size of~40 μm) has a viscosity of approximately 19.7 cp [128] . A systematic study of the effects of microsphere particle size, concentration, diluent density and viscosity on PLGA microsphere solution syringeability and injectability was performed by Alkermes [128] . As expected the use of sieves to eliminate large particles (N180 μm, N150 μm and N 125 μm) improved syringeability and injectability of microsphere suspensions. Interestingly the viscosity of diluent was a defining parameter for injection failures. Diluents with viscosities N 20 cp at 20°C had statistically significantly less injection failures due to syringe blockage than the same size and concentration of microspheres suspended in diluents of viscosities of 11 or 2 cp. The higher density of diluents with the same viscosity had a positive effect on injectability, whereas an increase of microsphere concentration from 150 to 300 mg/mL did not appear to have much of the effect. Therefore, the composition of diluent is very important for injectability and selection of needle size. Carboxymethyl cellulose is usually added to increase viscosity at~1.5-3% (w/w), sorbitol (up to 30% v/v) is added to increase solution density, polysorbates are added to improve wetting of the microspheres and NaCl, sucrose and buffering salts are used to control pH and osmolality. Strategies are described to improve injectability that involve hydrating microsphere powder with diluent of low viscosity containing wetting agents to assure rapid hydration followed by either adding a second diluent to increase viscosity or by adjusting temperature until the desired viscosity increase is obtained [128] .
Alternative delivery technologies for polypeptides
Several alternative approaches to PLGA delivery of peptides and proteins are currently on the market or in development. Attaching polyethylene glycol chains to protein in order to extend the plasma half-life is the most widely used, as described above. There are a number of approved extended circulation pegylated products such as Cimzia®, Neulasta®, PegIntron® and Somavert® [129] . Other circulation extension approaches include fusing the target protein with human serum albumin (HSA) or the Fc fragment of the antibody as well as altering glycosylation pattern [129] . There are also other technologies including fusion with carboxyl terminal peptide (CTP, Prolor Biotech/Opko Health) [130] , hydrophobic amino acid tail fusion using XTEN® technology (Versartis) [131] , elastin like polypeptides or ELP technology (PhaseBio). Moreover, several non-invasive protein delivery approaches have reached the market and are currently in development. Exubera®, an inhalable insulin product of Pfizer that uses Nektar's protein inhalation technology was approved by the FDA and EMA in 2003, but pulled from the market [132] . Still, multiple inhalable peptide/protein products are currently being developed, including Afrezza® (MannKind) which has an NDA under review by the FDA as well as a formulation of GLP-1 peptide in the pipeline [133] . A number of technologies for oral absorption of proteins and peptides are in the early stages of preclinical/clinical development that involve the use of permeation enhancers, adhesion patches, nanoparticles and lipid-based nanoemulsions, as reviewed by Park et al. [134] .
What's next?
There has been significant progress over the last 10-15 years to deepen our understanding and to create new opportunities for controlling the release of large molecules from PLGAs and related polymers. Despite this progress, the most significant advance will be to accelerate commercialization of LAR formulations for large molecules. For proteins, Table 5 Langmuir model fitted parameters a and estimated fraction of acids occupied at maximal peptide absorption after 1 day at 37°C. Data from [45] . we anticipate that the most significant direct development obstacles are protein stability, manufacturing, and microencapsulation issues. For peptides, the primary issue appears to be the elevated costs of goods associated with manufacturing. Significant advances have been made in PLGAs despite the growing age of this material: for example, understanding of and development of new assays for key phenomena such as polymer healing, peptide absorption, and microclimate pH. Significant strides have also been made in development of new encapsulation approaches that allow fine particle size control and even encapsulation of large molecules in the absence of organic solvent. Both aqueous encapsulation methods (healing and absorption) described here were devised based on mechanistic studies. We believe that with further mechanistic analysis and continued effort in these areas as well as with the aid of PLGA-related materials, it will be possible to develop many more commercial LARs for large molecules. With both peptide and protein LARs, the competition from alternative approaches to controlled release is also significant, particularly with peptide and protein modification and the improved devices and needles to deliver daily soluble injections. This competition makes decreasing needle size and injection convenience of LARs a very significant and under-studied issue to overcome. However, there are still local-regional controlledrelease approaches and new therapies such as cell and tissue engineering, which await LARs and reasonably cannot be duplicated by competing technologies with controlled release. Hence, this research area remains a very important and vibrant area to the controlled release and related fields.
